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THE	DESIGN	AND	CHARACTERIZATION	OF	A	NEXT	GENERATION	
MICROFLUIDIC	DEVICE	FOR	IN	VITRO	MODELING	OF	
BILAYER	TISSUE	CONSTRUCTS	
ABIGAIL	JUNE	SPENCER	ABSTRACT	Advanced	 tissue	 culture	 platforms	 harness	 microfabrication	 techniques	 and	properties	of	biocompatible	materials	to	create	tunable	and	physiologically-relevant	microenvironments.	 Traditional	 in	 vitro	 tissue	models	 are	 restricted	 to	 flat,	 static	culture	plates,	which	allow	for	high-throughput	experimentation	but	do	not	support	physiological	 tissue	 function.	 Early	 research	 investigates	 cell	 response	 to	physiological	 mechanical	 cues[1–3],	 but	 these	 devices	 are	 largely	 confined	 to	materials	 like	 PDMS[4]	 or	 have	 too	 low	 throughput	 for	 industry	 use.	 The	 next	generation	of	platforms	will	combine	mechanical	cues	and	integrated	sensing	with	materials	that	are	biologically	inert	and	compatible	with	high	throughput	assays	and	large	scale	manufacturing,	while	remaining	 in	an	 industry-standard	 footprint.	This	work	 represents	 the	 design,	 process	 development,	 manufacturing,	 and	characterization	of	such	a	system.		
A	 microfluidic	 device	 manufacturing	 process	 was	 developed	 to	 translate	 the	Draper	 PDMS	 bilayer	 microfluidic	 device[5–7]	 into	 a	 next	 generation	 system	entirely	 made	 of	 hard	 plastic.	 Cyclic	 olefin	 copolymer	 (COC)	 and	 polycarbonate	thermoplastics	 were	 characterized	 and	 chosen	 for	 their	 compatibility	 with	 drug	
			
vi		
development	applications	and	large	scale	manufacturing	processes.	Hot	embossing	and	 thermal	bonding	procedures	were	developed	 that	 resulted	 in	minimal	 feature	deformation	 and	 a	 robust	 bond	 between	 material	 layers.	 Integrated	 electrical	sensors	 were	 fabricated	 in	 microfluidic	 channels	 to	 quantify	 transepithelial	electrical	 resistance	 (TEER)	 in	 real	 time.	 The	 sensor	 design	 and	 complex	 trace	routing	were	demonstrated	to	be	continuous,	conductive	and	fully	integrated	in	the	next	 generation	 system.	 	 	 The	 culmination	 of	 these	 design	 decisions	 resulted	 in	 a	hard	plastic,	bilayer	microfluidic	device	with	 integrated	sensors	 that	 is	compatible	with	 the	 industry-standard	 footprint	 suited	 for	 applications	 in	 drug	 development	and	disease	modeling.		 	
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CHAPTER	1:	BACKGROUND	
1.1	The	importance	of	in	vitro	models	
The	industry	standard	for	high	throughput	tissue	culture	for	drug	discovery	and	toxicity	screening	is	a	static,	polystyrene	well	plate[8].	This	standard,	by	nature,	limits	the	functionality	biologists	can	derive	from	their	cultures.	Tissue	culture	plates	can	be	coated	with	proteins	and	extracellular	matrices	necessary	for	cell	viability,	and	nutrients	can	be	replaced	by	physically	removing	and	replenishing	media.	However,	simply	maintaining	cells	in	static	culture	conditions	does	not	reflect	the	complexity	of	an	in	vivo	environment.	Such	models	are	relied	on	for	pre-clinical	drug	testing,	drug	discovery,	and	disease	modeling,	but	these	flat,	static	environments	do	not	predict	the	behavior	of	human	cells	and	tissue	in	vivo.	
In	vitro	models	that	support	higher	order	function	and	physiological	predictability	of	tissue	are	able	to	mimic	the	in	vivo	environment	by	using	cocultures	and	by	providing	cues	such	as	3D	ECM	and	flow-induced	shear	stress	[9].		
Today,	it	takes	an	average	of	8	years[10]	and	$2,558M[11]	to	carry	a	new	drug	through	pre-human	and	clinical	trials.	65%	of	these	drugs	fail	between	animal	and	human	trials,	with	only	12%	of	all	drugs	tested	actually	making	it	through	clinical	trials[12];	this	is	due	to	the	inability	of	an	animal	model	to	accurately	predict	human	response	to	a	drug.	Drugs	that	will	fail	human	trials	can	be	eliminated	before	animal	testing	by	improving	mimicry	of	physiological	environments	and	controlled	delivery	of	mechanical	and	chemical	cues	in	human	cell	and	tissue	in	vitro	models.	These	technological	advancements	have	the	potential	to	dramatically	decrease	the	time	and	cost	associated	with	the	drug	development	pipeline,	ultimately	bringing	drugs	to	market	quicker	and	more	effectively.		
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A	common	and	effective	form	factor	for	advanced	in	vitro	models	is	a	microfluidic	device	with	a	bilayer	architecture,	wherein	two	microfluidic	channels	are	separated	by	a	semi-permeable	membrane	on	which	cells	can	be	cultured[13,	14],	shown	in	Figure	1.	This	structure	allows	for	separate	and	independent	control	over	fluid	flow	in	each	channel,	including	the	ability	to	culture	different	cells	on	either	side	of	the	membrane.	Compared	to	the	polystyrene	well	plate,	cells	cultured	on	both	sides	of	the	membrane	of	a	bilayer	device	exhibit	physiological	transport	barrier	function	and	the	device	architecture	supports	direct	quantification	of	cell-mediated	transport,	reabsorption	and	excretion.	The	advantages	of	this	architecture	are	limited,	however,	by	the	difficulties	in	fabricating	a	large	scale	platform	containing	multiple	replicates	of	the	bilayer	device[15].	To	serve	the	industry’s	target	applications,	a	higher	throughput,	arrayed	membrane	bilayer	device	is	required.	
The	bilayer	functional	unit	enables	precise	control	over	the	microenvironment,	allows	direct	quantification	of	tissue	function,	and	mimics	many	tissue	architectures	in	the	body[16,	17].		For	these	reasons	a	bilayer	microfluidic	architecture	was	chosen	to	characterize	a	fabrication	process	to	develop	the	next	generation	of	in	vitro	platforms.		
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Figure	1.	The	bilayer	device	was	designed	to	fit	industry-standard	well	plates.	The	form	factor	
of	this	bilayer	microfluidic	device	allows	it	to	be	aligned	with	a	standard	96	well	cell	culture	
plate	and	useable	with	standard	lab	equipment	with	integrated	added	functionality.	The	
bilayer	architecture	allows	for	integrated	sensing	and	flow,	while	maintaining	optical	clarity	
for	microscopy.	The	membrane	spans	the	highlighted	green	area	and	cells	can	be	seeded	onto	
both	sides	of	the	membrane.	Although	the	bilayer	device	structure	is	commonly	used	for	advanced	in	vitro	models[18],	it	requires	a	level	of	non-trivial	consideration	to	design	a	scheme	to	evaluate	tissue	health	in	the	device.	Cells	cultured	in	industry-standard	culture	platforms	are	evaluated	two	ways:	1)	optical	interrogation,	or	2)	sample	collection.	The	handling	tools	and	testing	instrumentation	have	been	designed	for	the	standard	well	plate.	Hence,	the	next	generation	system	must	also	be	amenable	to	optical	interrogation	and	sample	collection	with	these	tools	and	instrumentation,	as	minimum	requirements.	In	addition	to	these	standard	techniques,	however,	next	generation	models	will	also	incorporate	sensors	directly	into	the	device.	Such	sensors	will	allow	for	continuous	or	intermittent	remote	interrogation	to	log	tissue	health	or	function	metrics	in	real	time,	in	addition	to	standard	end	point	metrics.	The	current	state	of	the	art	in	high	throughput	advanced	tissue	culture	
		
4	
systems	are	already	beginning	to	incorporate	such	capabilities.	Companies	such	as	Emulate,	spun	out	of	the	research	efforts	of	the	Wyss	Institute,	Mimetas,	and	microfluidic	ChipShop,	have	made	great	strides	in	commercializing	advanced	bilayer	microfluidic	devices	for	cell	culture.	However,	all	of	their	devices	lack	certain	elements	this	work	endeavors	to	tackle.	Emulate	works	exclusively	in	PDMS[19],	the	disadvantages	of	which	will	be	enumerated	in	this	work,	and	does	not	provide	a	scalable	system	that	can	be	integrated	with	standard	lab	equipment.	Mimetas	has	the	technology	to	build	a	fully	integrated	standard	well	plate	with	96	devices	without	the	use	of	PDMS[20],	but	does	not	integrate	sensing,	and	incorporates	crude	and	poorly	controlled	media	pumping	via	rocker.		Finally,	microfluidic	ChipShop	creates	single	unit	prototypes	in	COC[21],	but	does	not	have	the	capability	to	integrate	a	flat	membrane	for	ideal	tissue	culture,	does	not	integrate	sensing,	nor	scale	to	standard	well	plate	formats.	While	these	are	just	a	few	of	the	many	companies	(not	to	mention	research	institutions)	working	in	the	advanced	tissue	model	space,	they	represent	some	of	the	primary	players,	all	of	which	are	missing	key	features	for	the	ideal	next	generation	device.	
A	suitable	candidate	for	a	sensor	that	can	be	integrated	into	a	bilayer	device	is	one	that	can	measure	trans	epithelial	electrical	resistance	(TEER)	values	of	the	tissue	on	the	membrane.	This	metric	is	particularly	useful	when	culturing	a	monolayer	and	can	be	used	to	extrapolate	the	level	of	confluence	or	the	tissue’s	barrier	function[22].	While	off-the-shelf	sensors	can	be	incorporated	into	complex	model	setups	(e.g.,	oxygen	sensors	in	ports	or	an	Endohm	used	to	measure	TEER	of	tissues	in	Transwells)	they	disturb	the	tissue	layer.		The	action	of	removing	a	Transwell	from	its	plate	and	placing	it	into	an	Endohm	for	periodic	TEER	measurement	requires	exposing	the	tissue	to	non-incubator	conditions,	risking	contamination,	and	changing	the	tissue’s	temperature	and	pH	environment.	Using	
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“chopsticks”-style	probes	for	TEER	measurement	in	Transwells	or	placing	other	sensors	in	the	ports	of	a	more	advanced	microfluidic	model	results	in	inconsistent	measurements	due	to	human	handling	error.	Other	research	groups	that	have	implemented	TEER	sensors	into	microfluidic	channels	have	used	PDMS	to	fabricate	the	devices[23]	and		employed	non-optimal	electrode	placement[24].	Integrated	electrodes,	however,	have	farther-reaching	applications	than	for	simple	resistance	measurements.	Once	the	process	of	incorporating	biocompatible	sensors	into	microfluidic	in	vitro	models	has	been	optimized,	those	electrodes	can	be	configured	to	measure	impedance[25],	quantify	extracellular	potentials[26],	or	replace	traditional	patch	clamping[27].	Figure	2	illustrates	how	integrated	electrodes	could	be	implemented	in	this	work’s	bilayer	device	to	make	TEER	measurements	without	disrupting	the	tissue	layer.		
	
Figure	2.	The	bilayer	architecture	creates	two	independent	microfluidic	channels	with	
conformal	electrodes	in	each	chamber.	The	top	channel	is	highlighted	in	yellow,	the	bottom	
channel	in	blue,	and	the	central	overlap	in	green.	This	green	area	is	the	portion	of	the	device	
where	cells	can	be	seeded	on	both	sides	of	the	membrane.	The	integrated	sensors	are	
depicted	in	the	cross	sectional	view	with	two	electrodes	on	the	ceiling,	and	two	electrodes	on	
the	floor	of	the	device.			
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This	work	aims	to	advance	the	current	state	of	in	vitro	models	while	striking	a	balance	between	design	complexity,	user	ease	of	use,	and	compatibility	with	industry-standard	equipment.	This	requires	a	fundamental	understanding	of	the	requirements	of	the	organ	system	to	be	modeled,	material	properties,	and	industry	needs.	The	next	generation	of	in	
vitro	models	will	move	from	single	unit	to	arrayed	prototype	chips,	and	will	include	integrated	sensing	on	an	industry-standard	platform.	They	will	have	less	dependency	on	user	handling	and	end-point	assays,	and	will	provide	more	physiologically	relevant	tissue	models	for	more	accurate	results.		
1.2	Material	consideration	
1.2.1	Current	state	of	art	materials	
Traditional	microfluidic	devices	have	been	single	chip	prototypes	in	polydimethylsiloxane	(PDMS)[28–30].	PDMS	is	a	two-part	silicone-based	polymer	that	can	be	easily	cast	or	spun	and	bonded	to	itself	or	glass.	However,	prototyping	in	PDMS	limits	how	the	in	vitro	model	structure	can	be	scaled.	While	it	is	an	excellent	single	unit	prototyping	material	with	advantageous	optical	properties,	it	is	laborious	to	create	quantities	of	parts	on	the	order	of	a	dozen[31].	Alignment	is	usually	performed	by	hand	and	single	batches	of	polymer	mixed	at	a	time.	Devices	fabricated	in	this	manner	can	never	use	high-throughput	manufacturing	processes	such	as	injection	molding,	or	be	scaled	until	they	are	modified	to	use	a	hard	plastic	as	the	base	construction	material.	
The	next	generation	of	in	vitro	models	will	advance	from	PDMS	to	hard	plastic,	scale	from	single	devices	to	high	throughput	plates	and	have	added	capabilities	of	real	time	
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sensing.	Here	follows	the	rationale	and	approach	behind	material	choices	and	process	development	such	that	the	devices	meet	the	following	criteria:	
1) scalability	/	high	throughput	2) drug	discovery	compatibility	(i.e.	sorptive	properties)	3) optical	properties	4) sensor	integration	The	device	design	must	scale	to	industry-standard	formats.	Material	properties	must	be	compatible	with	drug	discovery	pipelines.	The	form	factor	must	enable	easy	visualization	of	cultured	tissue,	and	the	design	must	incorporate	integrated	electrical	sensing,	which	includes	electrode	routing	and	signal	breakout.		
1.2.2	The	next	generation		
The	above-enumerated	requirements	ultimately	guide	the	design	process,	but	the	most	fundamental	decision	is	material	choice.	Scalability	requires	a	material	set	that	can	be	manufactured	in	high	volume	processes	like	injection	molding	or	hot	embossing,	and	precludes	materials	only	suitable	for	single	run,	handmade	prototypes.	This	requirement	ruled	out	soft	plastic	prototyping	materials	and	dictate	use	of	hard	transparent	polymers	like	polycarbonate	(PC),	polystyrene	(PS),	and	cyclic	olefin	copolymer	(COC),	which	are	compatible	with	such	manufacturing	methods.
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Table	1.	Material	properties	of	the	bulk	materials	used	in	this	device	fabrication.	For	each	material	type	the	pertinent	
mechanical,	thermal,	and	optical	properties	are	listed,	as	well	as	that	material’s	use	in	the	device[32].	
Material	 Vendor	 Thickness	 Tg	[°C]	
Tensile	
Modulus	
[MPa]	
Optical	Properties	
Surface	
Energy	
[dynes/cm]	
Use	
COC	8007X10	 Topas	 1mm	 78	 2600	 290–>400nm:	~91%	 30	 Embossed	channel	structure	
COC	6013M07	 Topas	 1mm	 142	 2900	 Visible	spectrum:	92%	 30	 Embossed	channel	structure	
COC	6015S04	 Topas	 1mm	 158	 3000	 Visible	spectrum:	92%	 30	 Embossed	channel	structure	
Polycarbonate	Track	
Etched	(PCTE)	
Membrane	
Sterlitech	 10um	w/	5um	pores	 147	 n/a	 ?	 	 Porous	membrane	for	cell	culture	
Polystyrene	 Goodfellow	Plastics	 1	–	3mm	 90–110	 2300–4300	 290–310nm:	50%	320–>400nm:	82%	 33	 Previously	used	for	embossed	channel	
Bulk	Poylcarbonate	-	
Makrolon	crystal	
clear	
Goodfellow	Plastics	–	 1	–	3mm	 147	 2600	 Visible	spectrum:	87–88%	 46	 Previously	used	for	embossed	channel	
Polydimethyl-
siloxane	(PDMS)	
Dow	Sylgard	184	 n/a	 n/a	 .36–.87	 Visible	spectrum:	>95%	 23	 Previously	used	for	embossed	channel	
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Scalability	is	also	crucial	from	a	biological	standpoint.	Relevant	biological	data	must	be	collected	in	replicates,	and	experimentation	in	high	throughput	well	plates	is	the	industry	standard.	The	resulting	high	volume	of	data	is	also	processed	using	standard	lab	equipment	tailored	directly	to	this	format.	This	well	plate	format	dictates	the	footprint	of	the	device	and	the	spacing	of	the	wells.	Therefore,	a	material	and	compatible	manufacturing	method	need	to	be	chosen	that	can	produce	the	targeted	micro	feature	resolution	of	the	proposed	channel	structures	(see	Figure	1)	while	being	a	suitable	base	material	for	construction	of	macroscale	geometries	associated	with	industry-standard	well	plates.	Hard	plastics	such	as	COC	provide	a	suitable	option.	
Additionally,	for	the	device	to	be	truly	suitable	for	drug	discovery,	the	material	chosen	must	have	low	chemical	binding	characteristics,	and	well-quantified	sorptive	properties.	PDMS	is	known	for	being	highly	“sticky”,	adsorbing	any	compound	that	contacts	the	material	during	the	course	of	an	experiment.	This	has	the	potential	to	confound	results	involving	drug	dosing	or	discovery[33].	Hard	plastics	like	PS	and	COC	do	not	have	the	same	limitations.	PS	is	a	universally	used	material	for	standard	tissue	culture	plates,	and	both	COC	and	PC	have	similar	sorptive	properties.	This	second	requirement	further	ruled	out	PDMS	in	favor	of	hard	transparent	plastics.	
There	are	many	classes	of	these	hard	transparent	plastics	with	varying	optical	properties.	Such	properties	are	crucial	to	consider	because	common	industry-standard	assays	to	characterize	tissue	health	utilize	immunofluorescence	imaging.	This	technique	involves	staining	a	tissue	layer	with	fluorescently	tagged	antibodies,	which	then	bind	to	a	specific	antigen	in	the	tissue	allowing	for	visualization	of	that	target.	This	is	typically	an	end	point	analysis,	but	there	are	some	stains	that	can	be	used	in	live	tissue	conditions.	As	such,	
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it	is	doubly	crucial	that	the	material	chosen	does	not	autofluoresce	or	interfere	with	the	observed	signal.	PS,	a	commonly	used	polymer	for	tissue	culture,	autofluoresces	at	the	300–400nm	wavelength	–	the	most	common	range	of	excitation	and	emission	spectra	for	compounds	commonly	used	in	immunofluorescent	measurement.	COC,	however,	displays	far	lower	levels	of	autofluorescence	at	350nm	than	PS,	and	nearly	negligible	levels	at	wavelengths	492nm	and	above[34,	35].	This	sets	COC	apart	as	an	optimal	choice	of	material	for	a	device	relying	on	end	point	analysis	with	IF	assays	for	cell	health	metrics.	
COC	is	a	family	of	polymers	in	which	tuning	the	polymer	formulations	will	yield	material	characteristics	that	can	be	matched	to	application	specifications.	Different	grades	of	COC	contain	different	quantities	of	norbornene;	this	percent	content	directly	correlates	to	the	polymer’s	glass	transition	temperature	(Tg)[36].	For	example,	an	increase	from	65	wt%	of	norbornene	in	8007	COC	to	76	wt%	in	6013	COC	increases	the	Tg	by	58	°C[37].	This	expands	prototyping	possibilities	while	keeping	fabrication	of	the	whole	device	within	the	same	material	family,	which	supports	device	component	bonding	and	minimizes	the	number	of	materials	to	be	characterized.	From	a	sensor	integration	perspective,	the	availability	of	higher	temperature	grades	of	COC	means	that	a	wider	range	of	metal	deposition	method	options	are	available	from	which	the	optimum	can	be	selected.	
The	goal	of	this	work	is	to	create	an	advanced	tissue	culture	device	incorporating	the	bilayer	architecture	that	is	scalable,	has	the	potential	for	high	throughput	cell	culture,	is	compatible	with	drug	discovery,	has	ideal	optical	properties	for	IF	imaging,	and	allows	for	sensor	integration.	To	achieve	all	of	these	objectives,	COC	was	chosen	for	the	bulk	material	and	the	fabrication	process	was	optimized	around	the	thermal	and	mechanical	properties	of	the	various	COC	grades.	With	this	material	choice,	the	device	can	be	prototyped	in	the	lab	
		
11	
but	ultimately	scaled	for	manufacture	with	an	industry-standard,	96	replicate	standard	pitch.	Without	the	disadvantageous	sorptive	properties	of	PDMS,	COC	can	be	used	for	drug	discovery	experiments	without	fear	of	absorbing	hydrophobic	compounds	to	the	sidewalls.	Finally,	the	high	Tg	of	several	grades	of	COC	and	availability	of	low-temperature	metal	sintering	tools	means	the	proposed	architecture	is	fully	amenable	to	electrical	sensor	integration.	The	following	chapters	detail	the	fabrication	process,	quantify	the	results,	and	describe	future	plans	for	scale	up	and	integration	with	a	relevant	biological	application.		 	
		
12	
CHAPTER	2.	CONSTITUENT	ELEMENTS	OF	THE	DEVICE	
2.1	Methods	
The	microfluidic	bilayer	device	is	comprised	of	three	main	structural	components:	the	overlapping	microfluidic	channel	structures,	the	topographically-patterned	semi-permeable	membrane,	and	the	conformal	electrodes.	A	combination	of	micromachining,	hot	embossing	and	advanced	manufacturing	techniques	were	used	to	form	the	constituent	elements	of	the	device.	Each	step	was	quantified	and	characterized	at	each	of	point	of	the	fabrication	process	prior	to	device	assembly.	
2.1.1	Mold	fabrication	
2.1.1.1	Microfluidic	channel	master	mold	
The	microchannel	master	mold	was	machined	out	of	aluminum	and	served	as	a	template	for	the	microfluidic	channel	structure.	The	machined	master	mold	contained	the	inverse	features	from	which	channels	were	embossed	in	COC.	Different	widths	and	depths	were	machined	to	screen	multiple	channel	geometries	and	their	influence	over	device	alignment,	structural	integrity,	and	integration	with	biology.	
Table	2.	Four	aluminum	molds	were	created	with	varying	widths	and	depths.	The	molds	were	
used	to	create	channels	that	were	either	1mm	or	0.5mm	wide,	and	either	200μm	or	125μm	
deep.	
	 Width	[mm]	 Depth	[μm]	
A	 1	 200	
B	 1	 125	
C	 0.5	 200	
D	 0.5	 125		
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Each	mold	consisted	of	eight	channels	arrayed	in	a	9mm	pitch	to	match	the	industry-standard	96	well	pitch,	as	shown	in	Figure	1.	The	end	ports	were	located	at	opposite	diagonal	corners	of	a	4.5mm	x	4.5mm	square	to	coincide	with	the	pitch	of	a	standard	384	well	plate.	The	first	prototype	represented	a	single	column	of	a	full	96/384	well	plate.		
All	relief	structures	on	the	mold	were	designed	to	have	a	positive	slope	to	facilitate	demolding.	A	release	angle	of	10°	was	applied	to	the	channel	sidewall	and	the	perimeter	break-off	features.	Two	alignment	posts	of	1/8”	diameter	were	added	to	serve	as	reference	points	for	post-embossed	machining	and	alignment	marks	for	the	final	bond.	After	embossing	and	release	from	the	mold,	four	1.5mm	diameter	holes	were	drilled	around	each	of	the	eight	channels	on	the	pieces	that	would	eventually	serve	as	top	layers	of	the	devices.	These	32	holes	became	the	port	access	for	the	channels,	and	were	deliberately	designed	to	match	the	pitch	of	the	wells	of	a	384	well	plate.		
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Figure	3.	Channel	dimensions	ranged	from	1mm	(A)	to	0.5	mm	wide	(B)	with	channel	depths	
of	125	um	(C)	or	200	um	(D).	Break-off	features,	squeeze	out	gaps,	and	alignment	posts	were	
additional	features	that	aided	in	demolding	after	embossing	and	alignment	of	the	embossed	
parts	for	machining	and	bonding	later	in	the	process.	
2.1.1.2	Submicron	topography	master	mold	
The	semi-permeable	membrane	was	molded	to	contain	sub-micron	surface	topography	using	a	nickel	master	mold.	The	nickel	master	mold	was	made	using	traditional	photolithography	and	electroforming	techniques	in	a	microelectromechanical	systems	(MEMS)	laboratory	at	Draper.		
On	a	100mm	diameter	silicon	wafer,	1	μm	of	silicon	oxide	was	thermally	grown	on	the	surface.	A	5000Å	layer	of	Shipley	1805	photoresist	was	then	spun	onto	the	wafer,	which	was	then	patterned	using	a	custom	chrome	and	glass	photomask.	The	mask	was	designed	to	contain	features	ranging	from	500nm	to	900nm.	After	exposure	to	UV	light,	the	photoresist	was	developed	and	the	unexposed	areas	were	washed	away,	leaving	the	cross-linked,	
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exposed	areas	of	the	photoresist	to	serve	as	a	mask	for	the	subsequent	etch	step.	The	exposed	silicon	oxide	surface	was	etched	1	μm	with	an	anisotropic	reactive	etch	using	CF4	and	O2.	The	patterned	wafer	was	then	coated	in	300Å	of	chrome	and	500Å	of	gold	to	form	the	seed	layer	for	the	electroforming	process.	
At	an	external	vendor,	the	chrome/gold-coated	wafer	was	used	to	create	a	thick	nickel	cobalt	alloy	mold.	The	wafer	was	submerged	in	an	electroplating	tank	containing	a	DC	power	supply,	cobalt	and	nickel	anodes,	and	filled	with	a	cobalt/nickel	ion	plating	solution.	The	gold-coated	wafer	was	attached	to	the	negative	pole	of	the	DC	power	supply,	and	when	current	was	flowed	through	the	system	at	10–20	mA/cm2,	the	nickel	and	cobalt	ions	in	the	solution	were	attracted	to	the	negatively	charged	surface	of	the	wafer,	depositing	approximately	0.5mm	of	alloy	in	24	hours[38].	The	original	wafer	was	then	chemically	removed	in	a	KOH	solution,	leaving	a	fully	featured	nickel	cobalt	alloy	mold.	
2.1.2	Microfluidic	channel	structure	and	membrane	topography	
Hot	embossing	is	a	molding	method	in	which	temperature	and	pressure	are	applied	to	a	master	mold	in	contact	with	a	thermoplastic	substrate	using	a	thermally	controlled	press	or	laminator.	Via	hot	embossing,	the	positive	features	of	the	machined	master	mold	were	imparted	to	the	thermoplastic,	in	this	case	either	bulk	8007	COC	or	6013	COC.	The	exact	parameters	for	the	emboss	procedure	were	dictated	by	the	glass	transition	temperatures	of	the	different	base	polymers,	and	are	listed	in	Table	3.	
For	all	embossing	runs,	the	mold	and	bulk	material	were	sandwiched	between	layers	of	polyimide	film	and	thick	rubber	to	provide	compliance	and	protect	the	mold	from	any	defects	on	the	platens	of	the	press	or	the	laminator	chamber.	The	embossing	environments	
		
16	
were	brought	to	approximately	50%	of	the	final	emboss	temperature	before	full	force	or	pressure	was	applied,	after	which	the	temperature	was	brought	up	to	the	final	bond	temperature.	
A	custom	bench-top	laminator	with	a	temperature	controlled	vacuum	chamber	was	used	to	emboss	the	channel	structure.	The	embossing	stack	was	loaded	into	the	chamber,	and	vacuum	was	pulled	to	bring	the	top	lid	in	contact	with	the	stack.	Positive	pressure	was	then	applied	to	the	lid	to	create	the	force	necessary	for	a	full	emboss.	A	Carver	Press	AutoFour	was	used	for	embossing	the	nanotopography	onto	the	PCTE	membrane.	The	platens	were	heated	and	brought	into	contact	with	lamination	stack	at	the	prescribed	force.	The	dwell	time	for	all	embossing	procedures	began	when	both	the	programmed	temperature	and	pressure	were	reached.		The	recipes	for	each	embossing	procedure	are	listed	below.	
Table	3.	Hot	embossing	requires	applying	pressure	and	temperature	above	the	material’s	
glass	transition	temperature.	These	are	the	parameters	used	to	emboss	the	three	different	
materials	used	in	this	device,	including	pressure,	temperature,	and	dwell	time.	The	8007	COC	
and	6013	COC	have	different	material	properties,	including	glass	transition	temperature,	
which	guided	the	bond	parameters	for	either	bulk	material.	
	 Pressure/Force	 Tool	 Temperature	[°C]	 Time	[min]	8007	COC	channel	emboss	 Vacuum	+	40psi	 Vacuum	chamber	laminator	 110	 30	6013	COC	channel	emboss	 Vacuum	+	40psi	 Vacuum	chamber	laminator	 160	 30	PCTE	membrane	Topography	emboss	
1500lbs	 Carver	Press	AutoFour	 150	 30		
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	2.1.3	Electrode	integration	
The	Optomec	Aerosol	Jet	3000	was	used	to	print	electrodes	onto	the	microfluidic	channel	structures.	The	Optomec	atomizes	nanoparticle	ink	by	applying	a	pressured	stream	of	air	into	an	ink	reservoir,	separating	the	larger	nanoparticles	from	the	smallest	ones,	and	ejecting	those	small	particles	through	a	fine-tipped	nozzle.	Within	this	nozzle	an	additional	stream	of	pressurized	air	accelerates	and	concentrates	the	ink	such	that	when	the	nanoparticles	hit	the	substrate	surface	approximately	3mm	away	from	the	nozzle	tip,	the	spray	is	condensed	resulting	in	a	higher	particle	density	and	evaporation	of	the	solvent.	The	substrate	rests	on	a	sample	stage	that	moves	in	two	dimensions	in	communication	with	an	Autocad	file	to	deposit	a	pre-designed	trace	of	metal	onto	the	substrate.	Pneumatic	pressure,	sheath	gas	pressure	and	stage	speed	were	adjusted	to	tune	the	trace	width	to	approximately	25	µm.		
The	pneumatic	stream	was	set	to	a	flow	rate	of	890	standard	cubic	centimeters	per	minute	(SCCM).	The	corresponding	vent	stream,	necessary	to	avoid	extreme	pressure	build	up	in	the	ink	canister	and	to	concentrate	the	ratio	of	silver	nanoflake	to	gas,	was	set	to	850	SCCM.	The	flow	rate	of	the	sheath	gas	stream,	used	to	further	focus	the	flow,	was	30	SCCM.	Novacentrix	silver	nanoflake	ink	with	55%wt	silver	content	was	used.	The	nozzle	was	tilted	to	an	angle	of	30	or	45	degrees	to	the	substrate	to	allow	the	stream	of	ink	to	better	coat	the	angled	sidewall.		
The	traces	printed	on	the	device	layers	embossed	in	8007	COC	were	photonically	annealed	using	a	Novacentrix	PulseForge	1200	Photonic	Curing	System.	The	anneal	recipe	pulsed	light	at	350V	for	150μs	on	and	50μs	off,	and	was	repeated	three	times	to	cure	the	
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printed	silver	ink.	The	printed-on	6013	COC	was	baked	at	125°C	for	24	hours	to	fully	remove	the	solvent	and	sinter	the	nanoflakes.	Trace	conductivity	was	verified	using	a	hand	held	multimeter.		The	surface	of	the	traces	were	then	chloridized	with	10%	bleach	for	5	minutes	to	create	the	silver/silver	chloride	electrodes	ideal	for	making	TEER	measurements.		
	
Figure	4.	Conformal	electrodes	on	the	embossed	surface	of	each	half	of	the	COC	device.	The	left	
half	is	the	bottom	portion	of	the	device,	with	electrodes	printed	into	the	channel	and	out	to	
pads	on	the	right	side.	The	right	half	is	the	top	portion	of	the	device,	evidenced	by	the	
machined	through	holes	for	the	ports	and	connector	interface.	Here,	too,	traces	are	printed	
conformally	into	the	embossed	channel	and	out	to	the	connector	through	holes.	
	
2.1.4	Test	methods	
At	each	step	of	the	process	each	of	the	constituent	components	was	analyzed	for	consistency	and	efficiency.	A	Keyence	VK-X200	3D	Laser	Scanning	Confocal	Microscope	was	used	to	verify	the	resolution	and	quality	of	the	embossed	parts.	SEM	images	were	analyzed	using	image	manipulation	software	to	evaluate	the	dimensional	integrity	of	the	embossed	nanotopography.		
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To	verify	the	conductivity	of	printed	traces,	four	identical	four-point	probe	structures	were	printed	on	a	sample	of	8007	COC	and	two	samples	on	6013	COC.	One	6013	COC	substrate	was	baked	at	125°C	for	96	hours,	with	conductivity	measurements	at	24	hours,	72	hours,	and	96	hours.	The	second	6013	COC	sample	and	the	8007	COC	piece	were	both	exposed	to	the	same	photonic	anneal	recipe	as	the	pieces	used	in	the	assembled	device.	At	each	time	point	during	the	bake	cycle,	and	directly	after	photonic	annealing,	resistance	measurements	for	the	four-point	probe	structures	were	measured	by	applying	a	source	current	to	the	outermost	two	of	the	four	probes,	and	sensing	voltage	at	the	inner	two	pads.	This	method	removes	the	inherent	resistance	of	the	traces	from	the	calculation	and	allows	a	bulk	resistivity	to	be	backed	out	from	the	resistance	measurement:		
𝜌 = 𝑅 𝐴𝐿  	
where	𝜌	=	resistivity,		R	=	resistance,	A	=	cross	sectional	area,	and	L	=	length	between	the	central	probes.	This	quantification	process	tracked	the	conductivity	of	the	printed	traces	on	the	different	substrates	with	the	different	sintering	methods.	
2.2	Results	and	Discussion	
It	is	important	to	analyze	the	success	and	quality	of	each	of	the	constituent	elements	of	the	bilayer	device	before	combining	them	into	the	final	device.	The	most	crucial	elements	to	quantify	were	how	well	the	channel	structure	released	from	the	mold	and	with	what	feature	resolution,	the	final	dimensions	of	the	embossed	features,	and	the	ultimate	conductivity	of	the	printed	electrodes.	Here,	we	discuss	the	results	of	the	design	choices	described	above.	
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2.2.1	Microfluidic	channel	resolution	
2.2.1.1	Channel	mold	design	
The	1x8	array	of	channel	structures	was	chosen	as	a	stepping	stone	to	the	12x8	array	96	device	footprint.	This	allowed	us	to	capture	the	desired	channel	size	and	spacing,	but	in	a	more	tractable	form	factor	for	process	development.	As	such,	the	four	machined	aluminum	molds	had	eight	channels	and	a	break-off	feature	that	ultimately	generated	a	part	with	the	long	dimension	matching	that	of	a	standard	well	plate,	and	channels	located	on	the	center-to-center	pitch	of	a	96	well	plate.		
The	“squeeze	out”	areas	were	added	at	intervals	along	the	perimeter	of	this	break-off	feature	to	allow	material	to	flow	away	from	the	walls	during	embossing,	making	the	surface	around	the	channels	as	flat	as	possible.	With	these	features	included,	the	embossed	channel	device	could	be	cracked	along	the	break-off	feature,	easily	separating	it	from	the	waste	material.	
The	master	mold	was	used	to	emboss	both	“top”	and	“bottom”	halves	of	the	full	device	by	heating	the	thermoplastic	material	past	its	glass	transition	temperature	while	applying	pressure.	Only	minimal	post-embossing	machining	was	required	to	create	the	additional	features	in	the	top	half.	Both	halves	had	hole	and	slot	alignment	features	machined	at	two	corners	of	each	device	for	the	final	device	bond.	These	features	ensured	that	the	central	channels	overlap	perfectly	and	the	port	holes	on	the	top	half	intersect	with	the	bottom	channel.	This	design	allowed	for	seeding	into	both	channels	from	the	top	face	of	the	final	device.		
The	angle	of	the	channels	and	the	breakoff	features	also	allowed	for	easy	and	consistent	
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release	of	the	embossed	parts	from	the	aluminum	mold.	Machined	alignment	features	in	the	mold	resulted	in	less	post-processing	and	fewer	potential	problems	due	to	handling.	All	pieces	of	bulk	COC	were	thus	easily	removed	from	the	mold	without	sticking	or	deformation.	
2.2.1.2	Channel	dimensional	analysis	
Hot	embossing	resulted	in	excellent	channel	depth	and	width	replication	in	both	the	8007	and	6013	grades	of	COC	for	all	of	the	four	aluminum	molds	used	to	emboss	the	bulk	material.	The	optical	profilometer	measurements	showed	that	the	above-described	processes	resulted	in	devices	with	fully	embossed	channels	that	matched	the	channel	depth	of	the	features	in	the	mold	within	3%.	
	
Figure	5.	A	Keyence	VK-X200	3D	Laser	Scanning	Confocal	Microscope	was	used	to	scan	the	
embossed	6013	and	8007	COC	pieces	to	quantify	the	feature	resolution.	Both	pieces	were	
embossed	with	the	1mm	wide	by	200um	master	mold.	The	profilometer	scans	show	that	the	
features	were	accurately	formed	in	both	materials	when	the	optimal	hot	embossing	
procedure	for	each	COC	grade	was	used.	
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There	was	some	variability	between	the	two	materials	in	the	formation	of	the	channel	edges.	The	6013	COC	tended	to	create	high	points	at	the	very	edges	of	the	channels,	while	the	8007	COC	yielded	a	flatter	interface	where	the	channel	met	the	rest	of	the	bulk	material.	Eight	of	the	nine	measured	channels	(three	channels	were	measured	per	device	half)	embossed	in	6013	COC	exhibited	a	burr	like	structure	of	approximately	13μm	in	height.	Comparatively,	only	seven	of	the	12	channels	measured	in	8007	COC	showed	such	a	ridge,	at		an	average	height	of	just	6.5μm.	This	can	be	attributed	to	the	different	glass	transition	temperatures	of	the	two	materials,	and	could	be	improved	through	optimization	of	process	variables	(temperature,	pressure,	and	time).		
2.2.2	Nanotopography	membrane	resolution	
2.2.2.1	Nickel	mold	design	
The	benefits	of	applying	sub-micron	features	to	the	surface	of	a	semi-permeable	membrane	upon	which	cells	are	cultured	have	been	previously	reported	[39–47].	Different	feature	patterns	can	help	drive	cell	morphology	and	function,	including	cell	migration,	adhesion,	proliferation	and	differentiation.	For	example,	a	ridge/groove	pattern	of	roughly	10%	the	size	of	a	cell	diameter	has	been	shown	to	promote	physiological	organization	of	kidney	cells,	which	in	turn	enhances	tissue	structure	formation.	Square	grid	patterns	with	a	pitch	on	the	order	of	5μm	have	been	shown	to	promote	adhesion	of	inner	ear	hair	cells	to	a	cell	culture	substrate.	There	are	far-reaching	applications	for	nanotopographical	patterning	of	the	substrate	membrane	across	many	different	organ	systems.	While	the	bulk	of	tissue	culture	research	is	done	on	rigid	substrates,	which	itself	is	non-physiological,	the	pattern	of	the	native	environment	may	be	recapitulated	(i.e.	striations	or	crypts/villi)	to	add	an	extra	element	of	physiological	relevance	to	the	model.		
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The	goal	of	this	work	was	to	set	up	the	architecture	for	a	widely	applicable	bilayer	device,	and	determine	the	functional	bounds	of	the	fabrication	process.	As	such,	the	membrane	emboss	was	not	narrowed	to	one	specific	pattern,	but	a	nickel	mold	was	designed	containing	twelve	different	patterns,	with	two	sizes	each	of	six	pattern	types,	across	its	surface.	The	photolithographic	methods	described	above	yielded	a	durable	nickel	master	mold	from	which	we	could	emboss	hundreds	of	PCTE	membranes	with	variously	sized	and	patterned	nanotopographies.	Unlike	the	machined	aluminum	mold	with	millimeter-sized	channels,	the	nanoscale	features	of	the	nickel	mold	required	additional	processing	for	easy	release	of	the	substrate	post-emboss.			
The	thin	layer	of	gold	remaining	on	the	surface	of	the	nickel	mold	allowed	adsorption	of	a	self-assembled	monolayer	of	hexadecanethiol.	The	S-H	headgroup	of	the	thiol	molecule	forms	a	semi-covalent	bond	with	the	gold.		The	tail	groups	form	a	tightly	packed	monolayer	of	alkyl	chains	that	renders	the	mold	surface	hydrophobic,	which	aids	in	demolding	of	the	membrane.		
2.2.2.2	Nanofeature	dimensional	analysis	
SEM	images	showed	consistent	embossing	of	submicron	topography	in	PCTE	membranes	with	5μm	pores	over	the	full	surface	of	the	membrane	and	between	embossing	runs.	While	the	500nm	features	did	not	fully	resolve	in	the	silicon	wafer,	and	as	such	could	not	produce	the	pattern	in	the	PCTE	membrane,	features	sized	700nm	and	above	were	replicated	in	the	embossed	PCTE,	shown	in	Figure	6.	For	example,	a	designed	topography	of	700nm	wide	ridges	following	a	5μm	grid	pattern	yielded	550nm	wide	ridges	on	a	4.8μm	pitch	in	the	PCTE	membrane,	attaining	approximately	80%	dimensional	resolution.	
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Figure	6.	SEM	image	of	a	700nm	x	5μm	grid	pattern	on	a	5μm	pore	size	PCTE.	This	grid	emboss	
yields	700nm	wide	by	750nm	tall	lines	following	a	5	μm	x	5	μm	pattern.	Given	the	dimensions	
of	the	master	mold,	it	would	be	expected	to	see	700nm	ridges	separated	by	5μm	squares.	The	
SEM	images	shows	these	dimensions	to	be	approximately	550nm	ridges	on	a	4.8μm	grid.	
2.2.3	Integrated	TEER	electrodes	
Two	electrodes	were	placed	on	either	side	of	the	tissue	layer	to	create	the	four	point	probe	structure	with	one	source	and	one	sense	electrode	on	both	the	ceiling	of	the	bilayer	and	the	floor.	This	removes	an	inherent	resistance	in	the	traces	themselves	and	only	measures	the	resistance	in	the	fluid	filled	channel	and	the	tissue	layer	between	the	two	halves.		
These	electrodes	were	printed	on	the	125μm	or	200μm	side	wall	of	the	channels	using	an	Optomec	Aerosol	Jet	3000	with	a	125μm	wide	nozzle	in	place,	and	had	a	final	trace	width	on	the	order	of	25μm.	Typically,	electrodes	printed	from	the	Novacentrix	silver	nanoflake	
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are	baked	at	200°C	for	at	least	two	hours	to	sinter	the	ink	to	a	conductivity	typical	of	bulk	silver.	However,	the	8007	COC	begins	to	flow	at	temperatures	above	78°C	(or	142°C	for	the	6013	grade	of	COC).	Subsequently,	we	used	the	Novacentrix	PulseForge	1200	Photonic	Curing	System	in	which	light	is	pulsed	at	a	specified	intensity,	duration,	and	repetition	to	heat	the	top	5μm	of	the	device	–	the	silver	film	thickness	–	without	deforming	or	damaging	the	thermoplastic	substrate.	Because	we	employed	a	non-standard	sintering	method	it	was	important	to	quantify	the	conductivity	of	the	printed	electrodes.	
The	four-point	probe	structures	printed	on	samples	of	the	two	COC	grades	served	as	a	baseline	to	measure	the	resulting	conductivity	and	resistivity	of	the	various	sintering	methods	because	the	structure	of	the	electrodes	printed	in	live	devices	prevented	direct	quantification.		
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Table	4.	Conductivity	measurements	were	made	on	four-point	probe	structures	printed	with	
silver	nanoflake	ink	and	sintered	by	various	methods.	Electrodes	printed	on	8007	COC	and	
6013	COC	were	compared	after	photonic	annealing,	and	the	trend	of	conductivity	after	one	to	
four	days	of	baking	were	compared.	
Base	
Material	 Method	of	Sintering	 Time	Exposed	 Sample	#	 Resistance	(Ω)	 Resistivity	(Ω*cm)	 Conductivity	(1/Ω*cm)	
8007	 Photonic	Annealer	 150us	high	time,	50us	low	time	x3	350V	 1	 0.993	 2.02E-05	 4.96E+04	
		 	 	 2	 0.826	 1.68E-05	 5.96E+04	
		 	 	 3	 0.783	 1.59E-05	 6.29E+04	
		 	 	 4	 0.708	 1.44E-05	 6.95E+04	
6013	 Photonic	Annealer	 150us	high	time,	50us	low	time	x3	350V	 1	 0.557	 1.13E-05	 8.84E+04	
		 	 	 2	 0.506	 1.03E-05	 9.73E+04	
		 	 	 3	 0.577	 1.17E-05	 8.53E+04	
		 	 	 4	 0.566	 1.15E-05	 8.69E+04	
		 Bake	at	125C	 24	hours	 1	 14.8	 3.01E-04	 3.33E+03	
		 	 	 2	 13.1	 2.66E-04	 3.76E+03	
		 	 	 3	 13.96	 2.84E-04	 3.53E+03	
		 	 	 4	 13.1	 2.66E-04	 3.76E+03	
		 Bake	at	125C	 72	hours	 1	 7.97	 1.62E-04	 6.17E+03	
		 	 	 2	 7.36	 1.50E-04	 6.69E+03	
		 	 	 3	 7.62	 1.55E-04	 6.46E+03	
		 	 	 4	 7.34	 1.49E-04	 6.70E+03	
		 	 96	hours	 1	 5.26	 1.07E-04	 9.36E+03	
		 	 	 2	 4.98	 1.01E-04	 9.88E+03	
		 	 	 3	 5.12	 1.04E-04	 9.61E+03	
		 	 	 4	 4.95	 1.01E-04	 9.94E+03	Bulk	Silver	 	 	 	 	 1.59E-06	 6.29E+05	Cross	
sectional	
area	(cm2)	
0.000127	 		 		 		 		 		
Length	
(cm)	 6.25	 		 		 		 		 			The	bulk	conductivity	of	silver	was	used	as	the	metric	of	comparison	between	the	different	methods.	Table	4	details	the	progression	of	conductivity	as	the	6013	sample	was	baked	for	longer	periods	of	time,	and	the	instantaneous	conductivity	of	the	photonically	annealed	silver	ink	on	both	the	6013	and	8007	samples.	Photonically	annealed	ink	had	a	conductivity	approximately	an	order	of	magnitude	higher	than	baked	ink,	even	after	96	
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hours.	However,	either	method	is	still	about	an	order	of	magnitude	lower	than	that	of	bulk	silver.		
	
Figure	7.	Conductivity	from	different	sintering	methods	were	compared	to	bulk	conductivity	
of	silver.	Sample	1	consisted	of	an	average	of	four	total	four-point-probe	structures.	Plotted	on	
a	log	scale,	the	photonically	annealed	sintering	method	produced	conductivities	
approximately	an	order	of	magnitude	higher	than	the	printed	silver	baked	at	125°C.	However,	
all	methods	were	at	least	an	order	of	magnitude	below	that	of	bulk	silver.	The	data	above	show	that	we	were	able	to	repeatably	sinter	the	Novacentrix	ink	on	different	substrates	with	different	methods.	The	nature	of	the	four	point	probe	TEER	measurement	means	that	the	exact	conductivity	is	not	of	crucial	importance	to	getting	an	accurate	reading,	but	being	able	to	rely	upon	a	known	process	for	device	fabrication	is	necessary.	Based	on	this	quantification,	either	8007	or	6013	COC,	and	either	method	of	sintering	would	be	acceptable	for	integrating	silver	electrode-based	sensors	into	the	microfluidic	channels.		 	
1.00E+00	
1.00E+01	
1.00E+02	
1.00E+03	
1.00E+04	
1.00E+05	
1.00E+06	
8007	photonically	annealed	 6013	photonically	annealed	 6013	bake	at	125C	24	hrs	 6013	bake	at	125C	72	hrs	 6013	bake	at	125C	96	hrs	
Conduc
tivty	(1
/Ω*cm
)	
Sample	1	 Bulk	Silver	
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CHAPTER	3.	FULL	DEVICE	
3.1	Methods	
The	bilayer	microfluidic	device	was	completed	by	bonding	the	two	COC	halves	together	with	the	nano-patterned	membrane	between	the	two	embossed	microfluidic	channels.	This	process	was	optimized	and	quantified	for	both	the	8007	and	6013	grades	of	COC.	Bond	strength,	dimensional	integrity	after	bond,	and	general	process	repeatability	were	the	primary	analysis	metrics.	
3.1.1	Membrane	tensioning/clamping	
A	4.5”	diameter	tensioning	fixture	was	used	to	apply	tension	to	the	membrane	during	the	bond	process.	The	fixture	consisted	of	two	machined	aluminum	rings,	one	with	a	proud	triangular	ring	slightly	inset	from	the	perimeter,	and	the	other	with	the	inverse	negative	trench	feature.	The	membrane	was	clamped	between	the	two	rings	by	tightening	bolts	into	the	six	0-80	tapped	holes	evenly	spaced	around	the	ring		
Fluidic	port	interfaces	were	punched	through	the	taught	membrane	with	a	1.5mm	biopsy	punch.	Holes	were	punched	at	the	port	locations	of	the	bottom	channels	and	the	alignment	holes	prior	to	alignment	of	the	membrane	with	the	fluidic	channels	and	initiation	of	the	device	bond.		
3.1.2	Bonding	hard	plastic	microfluidic	devices	
3.1.2.1	Thermal	Bonding	Stack-up	
A	thermal	bonding	technique	was	used	to	complete	both	8007	COC	and	6013	COC	devices.	Custom	laminators	consisted	of	a	heat-controlled	vacuum	chamber	with	a	plunger	
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to	apply	heat	and	pressure	during	the	thermal	bond.	An	aluminum	fixture	with	1/16”	dowel	pins	which	registered	to	the	machined	slot	and	hole	features	in	the	two	halves	of	the	device	was	used	for	alignment	inside	the	laminator.		Polyetherimide	(PEI)	vent	layers	were	introduced	into	the	laminator	stack-up	to	provide	escape	routes	for	trapped	air.	The	alignment	fixture	and	the	full	device	were	stacked	onto	the	alignment	pins	in	the	following	order:	“top”	embossed	half,	tensioned	membrane	in	ring	fixture,	and	“bottom”	embossed	half.	Two	layers	of	.005”	polyimide	(PI)	film	and	one	sheet	of	paco	pad,	a	compliant	material,	was	used	above	and	below	the	final	stack	for	compliance.		
Small	aluminum	blocks	were	placed	on	the	outside	surface	of	the	laminator,	and	small	fans	were	directed	towards	the	laminator	to	accelerate	cooling	at	the	end	of	the	lamination	cycle.	The	laminators	were	unloaded	at	approximately	60°C.	
3.1.2.2	8007	bond	preparation	
For	the	8007	embossed	COC	device,	the	channel	faces	of	both	halves	and	the	tensioned	membrane	were	exposed	to	30	seconds	of	O2	plasma	at	100	W	prior	to	loading	into	the	laminator.	These	components	were	aligned	on	the	fixture	as	described	above.	Aluminum	shims	10mm	thick	(approximately	200μm	shorter	than	the	full	lamination	stack),	were	placed	on	either	side	of	the	alignment	fixture	to	limit	the	amount	of	compression	the	stack	could	experience	during	lamination.	
After	all	the	components	were	loaded	into	the	laminator,	approximately	13	psi	of	vacuum	was	applied	inside	the	chamber	to	bring	the	plunger	down	onto	the	stack.	The	temperature	was	brought	to	approximately	65°C,	then	30psi	was	applied	to	the	top	face	of	the	plunger.	The	temperature	was	then	increased	to	95°C	and	held	there	for	20	minutes.		
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3.1.2.3	6013	bond	preparation	
For	the	6013	embossed	COC	device,	1mil	thick	8007	COC	film	was	first	tacked	to	the	channel	faces	of	both	the	“top”	and	“bottom”	embossed	6013	COC	halves	to	serve	as	an	adhesive	layer.	The	thin	8007	COC	was	placed	next	to	the	6013	parts,	then	the	assembly	was	loaded	into	in	the	laminator.	Vacuum	was	then	applied	to	the	chamber,	which	was	heated	to	100°C	and	held	for	15	minutes	before	the	laminator	was	cooled	and	the	now	tack-	bonded	pieces	were	unloaded.	Using	a	razor	blade,	the	1mil	8007	COC	film	was	cut	away	from	the	channel	edges,	leaving	8007	COC	material	everywhere	on	the	surface	except	the	embossed	channel	features.	The	8007	COC	film	surface	of	both	embossed	halves	and	the	tensioned	membrane	were	then	exposed	to	30	seconds	of	O2	plasma.		
These	treated	parts	were	loaded	on	the	alignment	fixture	in	the	same	manner	described	above.	After	loading	into	the	lamination	chamber,	vacuum	was	pulled	to	bring	the	plunger	into	contact	with	the	top	of	the	stack.	Held	under	vacuum,	the	temperature	in	the	chamber	was	brought	up	to	65°C.	The	temperature	was	then	increased	to	120°C	and	held	for	20	minutes.	
3.1.3	Test	methods	
An	Instron	Industrial	Series	Model	6025	system	was	used	to	evaluate	the	fully	bonded	devices	in	a	three-point	bend	test	configuration,	using	an	Instron	5500R	head.	The	sample	was	loaded	onto	a	static	3-point	bend	flexure	fixture	with	two	10mm	bottom	rollers	spaced	two	inches	apart.	The	upper	contact	point	was	a	single	10mm	roller	clamped	in	the	upper	fixture	of	the	Instron.	The	upper	roller	was	brought	just	above	the	surface	of	the	sample,	and	load	was	then	applied	at	a	rate	of	0.25mm/min.	Displacement	and	force	were	tracked	
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until	failure	was	achieved.	An	optical	profilometer	was	used	to	measure	ultimate	channel	feature	dimensions	of	the	device	halves	after	failure.	Failure	was	determined	when	a	discontinuity	in	the	force-displacement	plot	was	observed,	indicating	either	delamination	or	a	break.	
3.2	Results	and	Discussion	
Force-displacement	data	from	the	break	test	and	pre-	and	post-experiment	measurements	of	the	part	dimensions	were	combined	to	draw	quantitative	conclusions	on	the	repeatability	of	the	bond	process,	and	the	utility	of	such	a	microfluidic	bilayer	device	for	
in	vitro	tissue	modeling.	
3.2.1.	Bond	process	design	rationale	
Material	properties	of	the	bulk	COC	dictated	the	parameters	of	the	final	microfluidic	device	fabrication.	Material	properties,	available	equipment,	manufacturability,	and	the	ultimate	design	requirements	of	a	functional	bilayer	device	were	all	considered	in	the	development	of	the	bond	process.	The	most	important	aspects	of	the	fully	bonded	device	were	1)	alignment	of	the	upper	and	lower	channel	such	that	there	was	greater	than	90%	overlap	of	the	center	channels,	2)	bond	strength	around	the	perimeter	of	the	channels,	such	that	the	upper	and	lower	channel	were	fluidically	isolated	from	each	other	except	through	the	semi-permeable	membrane,	3)	membrane	tautness,	such	that	the	cell	culture	surface	was	parallel	to	the	bottom	channel	floor,	and	4)	repeatability	of	the	fabrication	process,	including	dimensions	before	and	after	bonding	channel	to	channel,	and	bond	strength	chip	to	chip.		
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The	alignment	features	incorporated	into	the	device	during	the	post-embossing	machining	process,	described	in	Chapter	2,	were	used	as	reference	points	for	the	fixture	used	to	bond	the	devices.	An	aluminum	alignment	fixture	with	corresponding	dowel	pins	at	the	machined	hole	and	slot	locations	allowed	the	two	embossed	halves	of	the	final	device	to	be	referenced	to	a	common	datum	point.	In	this	scheme,	the	hole	fixes	the	pieces	in	place,	and	slot	keeps	them	from	being	overconstrained	as	the	COC	expands	and	contracts	during	a	thermal	bond	cycle.	The	slightly	oversized	holes	punched	in	the	membrane	allowed	for	gross	alignment	on	the	fixture,	while	allowing	one	to	see	both	COC	halves	for	fine	alignment	by	eye.	Vent	layers	were	employed	at	the	bottom	of	the	stack	to	allow	air	to	escape	from	the	central	channel	cavity,	through	the	device	port	holes	and	out	through	the	vents	in	the	laser	machined	PEI	layers.	Without	venting,	the	air	trapped	in	between	the	two	channels	will	expand	during	heating	and	pressure	application,	deforming	the	membrane	and	potentially	the	COC.	When	the	stack	is	cooled	down,	the	trapped	air	compresses	again,	resulting	in	a	saggy	membrane	and	permanently	deformed	COC.	
Both	the	8007	and	the	6013	bond	processes	relied	upon	bringing	the	8007	COC,	either	in	its	bulk	embossed	form	or	as	a	thin	film	layer,	past	its	glass	transition	temperature	so	that	it	would	flow,	compress	under	pressure	in	the	laminator,	and	form	a	surface	bond	with	the	embossed	membrane.	In	the	8007	process	the	requirement	of	maintaining	the	embossed	features	in	the	device	halves	limited	the	ultimate	temperature	of	the	bond	step,	while	devices	built	with	the	embossed	6013	COC	could	operate	at	a	much	higher	temperature	without	losing	feature	resolution.	However,	both	processes	relied	on	a	COC	to	PCTE	bond,	which	is	by	nature	weaker	than	a	COC	to	COC	bond.	The	strength	of	adhesion	between	two	polymers	increases	with	the	degree	to	which	they	are	alike,	and	is	quantified	
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by	Hansen	solubility	parameters	(HSP)[48].	The	HSP	distance	is	calculated	by	the	following	equation[49]:	
𝐷!"#! = 4(𝜕𝐷! − 𝜕𝐷!)! + (𝜕𝑃! − 𝜕𝑃!)! + (𝜕𝐻! − 𝜕𝐻!)!;	
where	δD	is	the	dispersion	parameter,	δP	is	the	polar	parameter,	and	δH	is	the	hydrogen	bonding	parameter.	For	6013	COC,	these	are	18.0,	3.0,	and	2.0	respectively;	for	PC	they	are	18.2,	5.9,	and	6.9[50].	Thus,	for	a	PC	to	COC	bond	there	is	a	HSP	distance	of	5.7,	equivalent	to	0.71nm,	while	a	COC	to	COC	bond	has	a	null	distance.		
To	increase	the	strength	of	the	bond	both	halves	and	the	membrane	were	exposed	to	O2	plasma	in	both	processes.	This	exposure	bombards	the	components	with	free	radicals,	modifying	the	surface	energy,	and	increasing	the	substrate’s	hydrophilicity	to	aid	in	surface	interaction[51].	This	process,	combined	with	the	nanoscale	roughness	of	the	membrane	imparted	by	the	topographical	embossing,	improved	the	adhesion	and	bonding	of	COC	to	the	PCTE	membrane.	
The	PCTE	membranes	were	approximately	10µm	thick.	As	such,	they	are	difficult	to	handle,	easy	to	wrinkle,	and	susceptible	to	bowing	when	spanning	a	channel	of	much	greater	than	500µm	in	width.	To	address	these	issues,	the	tension	ring	described	previously	was	employed.	The	positive	triangle	and	the	corresponding	notch	clamped	the	membrane	without	puncturing	it.	The	screws	were	tightened	in	a	crosswise	pattern	allowing	for	even	tensioning	and	a	taut	membrane.	The	fixture	also	allowed	for	the	possibility	to	impart	a	further	pre-strain	on	the	membrane	beyond	simple	clamping	that	could	be	required	if	future	channel	designs	increase	past	1mm	in	width.		
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While	the	channels	design	described	in	Chapter	2	yielded	well-resolved	500µm	or	1mm	channels	after	embossing,	it	was	crucial	to	maintain	this	geometry	after	bonding.	This	was	low	risk	for	the	6013	bond	process	parameters,	which	never	took	the	6013	COC	near	its	glass	transition	temperature	of	142°C.	However,	the	process	to	bond	bulk	8007	COC	to	the	PCTE	membrane	operated	well	above	the	8007	COC	Tg	of	78°C.	This	process	was	designed	to	minimize	the	time	and	pressure	at	which	the	device	was	above	its	Tg,	but	still	allow	for	adequate	adhesion	between	the	bulk	COC	and	the	PCTE	membrane.	To	fully	evaluate	how	successful	this	trade-off	was,	bond	strength	and	dimensional	stability	of	the	embossed	channels	were	quantified	before	and	after	bonding	for	both	COC	grades	and	their	corresponding	processes.	
3.2.2	Bond	strength	
The	utility	of	a	bilayer	device	relies	upon	a	strong	and	repeatable	bond	between	the	two	channel	layers	and	the	semi-permeable	membrane.	This	bond	ensures	that	the	only	fluid	path	between	the	two	channels	exists	through	the	membrane	and	that	there	is	no	leak	path	elsewhere	in	the	device.	This	bond	strength	was	quantified	in	a	3-point	bend	test,	and	the	results	are	discussed	herein.	
A	total	of	ten	devices	were	tested	to	failure	with	the	3-point	flexure	fixture,	five	of	which	were	made	of	bulk	8007	COC,	and	five	of	6013	COC.	The	devices	had	a	range	of	different	channel	widths	and	depths,	as	well	as	both	with	and	without	electrodes.	These	sample	configurations	were	selected	to	represent	bond	strength	data	across	all	the	possible	device	configurations,	allowing	high-level	device	generalizations	to	be	made	as	well	as	specific	quantitative	conclusions	to	be	drawn.	
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3.2.2.1	Qualitative	(general	type	of	failure	observed)	
	
Figure	8.	Bonded	8007	and	6013	COC	devices	were	compared	after	3-point	bend	testing.	
There	were	two	different	classes	of	failure	modes	observed	in	both	the	8007	and	6013	devices	
when	tested	in	a	3-point	flexure	configuration:	1)	delamination	at	the	membrane	interface,	
and	2)	cracking	of	the	bulk	COC	material.	The	majority	of	devices	fabricated	from	bulk	8007	
failed	as	result	of	the	membrane	becoming	detached	from	the	embossed	COC,	while	the	6013	
devices	experienced	brittle	cracking.	The	devices	were	labeled	with	descriptive	serial	
numbers	–	the	first	letter	indicates	which	mold	was	used	to	emboss	the	COC	(A,B,C,	or	D),	the	
second	letter	indicates	if	electrodes	were	(E)	or	were	not	(N)	printed	on	the	embossed	surface,	
and	the	two	digit	number	identifies	the	individual	device.	The	devices	in	the	top	row	of	Figure	8	were	embossed	and	bonded	with	the	8007	procedure.	All	of	these	devices	failed	at	the	interface	between	the	nanopatterned	PCTE	membrane	and	the	embossed	8007	COC	surface	at	an	average	force	of	68.5N.	The	failure	is	indicated	by	the	local	delamination	in	the	central	region	of	the	device,	which	appears	visually	as	a	slightly	iridescent	air	pocket	or	void.	Prior	to	failure,	the	8007	flexed	dramatically	but	never	cracked.	
The	devices	pictured	in	the	second	row	of	Figure	8	were	fabricated	using	the	6013	fabrication	process.	With	the	exception	of	the	device	labeled	DN09,	all	of	the	6013	devices	
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cracked	at	roughly	the	center	point	along	the	axis	of	the	applied	load,	not	along	the	axis	of	the	bond,	at	an	average	force	of	70.7N.		A	subset	of	the	6013	devices	failed	catastrophically	by	completely	breaking	into	the	two	pieces,	while	for	others	a	crack	in	one	embossed	device	half	was	enough	to	register	failure	on	the	test	apparatus.	DN09	failed	along	the	length	of	the	device	at	the	interface	between	the	8007	film	and	the	embossed	6013	channel	face.	The	8007	film	stayed	well	bonded	to	the	PCTE	membrane	in	this	case,	unlike	failure	seen	between	the	bulk	embossed	8007	COC	and	the	PCTE	membrane	after	the	8007	bond	procedure.	
The	8007	grade	COC	has	a	Tg	64°C	lower	than	the	6013	grade.	As	such,	the	operating	temperature	of	the	thermal	bonding	recipe	cannot	exceed	95°C	without	causing	deformation	to	the	channel	structures.	This	means	that	when	the	bond	is	being	created	between	the	PCTE	membrane	and	the	8007	bulk	COC	surface	at	95°C,	the	COC	is	acting	only	as	a	weak	adhesive.	The	6013	bond	method	uses	a	sacrificial	8007	COC	film	layer	as	an	adhesive.	The	higher	Tg	of	6013	bulk	COC	means	the	bond	can	take	place	at	120°C,	a	temperature	42°C	above	the	Tg	of	8007,	which	allows	the	8007	COC	film	to	flow	and	create	a	better	bond	without	impacting	the	embossed	geometry	of	the	bulk	6013.	
The	8007	COC	has	a	tensile	modulus	of	2600	MPa,	compared	to	2900MPa	for	the	6013	grade.	This	mechanical	property	translates	to	a	measure	of	the	stiffness	of	the	bulk	material.	A	higher	modulus	of	elasticity	correlates	to	a	more	rigid	material.	This	likely	explains	why	the	more	rigid	6013	COC	failed	by	cracking	while	the	8007	bent	and	flexed	before	failure	by	delamination.	The	shape	of	the	stress-strain	curves	generated	by	the	3-point	bend	test	and	included	in	the	following	section	makes	it	possible	to	infer	the	relative	ductility	of	the	two	
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material	grades,	which	may	be	a	more	relevant	material	property	to	correlate	with	brittle	cracking	than	modulus	of	elasticity.		
3.2.2.2	Quantitative	(measured	strength	of	bond	and	variation)	
To	make	a	quantitative	determination	of	bond	strength,	the	data	from	the	3-point	flexture	test	was	compiled,	plotted,	and	analyzed.	Overall,	there	was	not	a	statistically	significant	difference	between	the	average	force	at	which	the	6013	devices	cracked	and	that	at	which	the	8007	failed	by	delamination.		
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Figure	9.	Bend	test	data	were	compiled	and	translated	to	stress/strain	curves	for	each	device	
sample.	A)	All	ten	samples	were	plotted	on	the	same	graph	to	identify	trends.	B)	The	8007	COC	
samples	were	isolated.	C)	The	6013	COC	samples	were	isolated.	These	three	graphs	show	that	
the	8007	COC	pieces	had	an	overall	more	consistent	failure	trajectory,	while	the	6013	COC	
sometimes	cracked	at	10%	of	the	average	failure	loads.	Figure	9	shows	stress-strain	plots	of	device	displacement	as	a	compressive	load	was	applied	in	a	3-point	bend	test	configuration.	The	linear	portion	of	each	data	set	represents	the	behavior	of	the	device	prior	to	failure	and	the	slope	of	the	line	represents	the	effective	stiffness	of	the	bonded	device.	The	discontinuous	data	points	or	jumps	in	the	plotted	line	
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mark	the	compressive	load	and	corresponding	strain	at	which	the	test	piece	failed.	This	graph	shows	that	while	the	majority	of	the	devices	failed	along	a	particular	stress-strain	linear	curve	between	100N	and	140N,	there	were	outliers	in	both	sets	of	material	grades.	While	this	result	alone	may	seem	inconclusive,	coupled	with	the	manner	in	which	the	devices	failed	at	these	given	loads,	the	8007	bond	can	be	seen	as	generally	weaker	at	the	membrane	interface	than	the	6013.	During	testing,	the	bulk	6013	COC	cracked	and	failed,	not	the	bond.	
Table	5.	Three-point	bend	test	data	was	compiled.	Displacement	and	force	at	failure	are	
compiled,	and	break	data	for	the	8007	devices	are	split	into	those	devices	with	and	without	
electrodes.	 	 	 	 Displacement	(mm)	 Force	(N)	6013	
no		 electro
des	
CN05	 3.28	 21.14	DN09	 4.66	 139.02	DN16	 2.59	 9.45	BN24	 4.47	 145.28	AN25	 2.47	 38.84	
average	 3.49	 70.75	
st.	dev	 1.03	 66.06	8007	 no	 electro
des	 CN02	 1.58	 12.27	CN13	 1.82	 12.56	
average	 1.70	 12.42	
st.	dev	 0.17	 0.21	
with		 electro
des	 DE8007	 5.83	 119.23	DE04	 3.68	 67.21	CE06	 5.80	 131.22	
average	 5.10	 105.89	
st.	dev	 1.24	 34.03	
combin
ed	 8007	 average	 3.74	 68.50	st.	dev	 2.06	 56.57	
Both	the	6013	and	8007	test	pieces	displayed	a	wide	range	of	failure	loads.	All	6013	devices	failed	at	loads	greater	than	9.4N	with	an	average	of	70.7N	and	a	standard	deviation	
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of	66.1N.	Similarly,	the	8007	devices	failed	at	an	average	of	load	68.4N,	with	a	standard	deviation	of	56.6N	(lowest	failure	at	12.6N).	Table	5	shows	the	complete	collection	of	failure	data.	For	both	COC	grades,	the	standard	deviation	was	equal	to	94%	and	82%	of	the	average	failure	force	for	the	6013	and	the	8007,	respectively.	This	spread	can	be	accounted	for	in	the	6013	COC	by	its	bulk	material	properties.	6013	grade	COC	is	known	to	be	brittle	and	have	varying	mechanical	properties	between	each	injection-molded	plaque.	These	inconsistent	properties	result	in	varying	cracking	loads.	This	same	explanation	does	not	hold	for	the	8007	grade	COC;	a	closer	examination	of	the	individual	qualities	of	each	tested	8007	device	is	warranted.		
A	clear	separation	can	be	seen	in	the	data	when	this	sample	set	is	separated	into	devices	with	and	without	electrodes.	Devices	bonded	without	printed	electrodes	failed	at	an	average	of	12N,	with	only	0.21N	of	standard	deviation.	Those	with	electrodes	failed	at	a	much	higher	105N,	with	a	standard	deviation	of	34N.	It	is	possible	that	the	increase	in	thickness	or	surface	roughness	produced	by	the	patterned	electrodes	increased	the	adhesion	at	the	membrane	to	COC	interface.	However,	this	phenomenon	would	not	appreciably	improve	the	seal	around	the	channels,	which	is	the	crucial	area	that	requires	a	strong	bond.	
		
41	
	
Figure	10.	Three-point	bend	test	results	of	8007	embossed	and	bonded	devices	with	and	
without	electrodes.	This	graph	shows	the	force	and	displacement	at	which	both	electrode	and	
non-electrode	8007	devices	failed	in	a	3-point	flexure	test.	The	devices	with	printed	
electrodes	(approximately	5	μm	thick	metal)	failed	at	double	the	force	and	displacement	as	
devices	without	electrodes.	From	the	images	collected	in	the	previous	section,	the	general	classification	of	failure	mode	assessed	therein,	and	the	quantitative	data	from	the	3-point	break	test,	an	overall	assessment	of	the	different	bond	processes	was	made.	An	extreme	bending	of	the	device	as	is	experienced	during	the	3-point	bend	test	would	likely	never	occur	during	normal	use.	However,	a	small	delamination	between	the	membrane	and	the	embossed	channel	structure	that	could	potentially	go	undetected	would	be	a	catastrophic	failure	from	an	end	user	standpoint.	A	leak	path	created	between	the	top	and	bottom	channels	or	between	any	of	the	eight	channel	structures	per	device	would	be	detrimental	to	any	biological	data	collected.	One	could	argue	that	a	snapped-in-half	device	could	actually	still	be	used	for	experimentation	because	the	integrity	of	the	bi-layer	is	not	affected.	Based	on	the	results	of	the	3-point	flexure	test,	both	quantitative	and	qualitative,	the	6013	bond	process	is	preferable.		
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3.2.3	Dimensional	stability	analysis	
After	using	the	results	from	the	3-point	bend	test	to	infer	the	quality	of	the	seal	around	the	microfluidic	channels,	the	geometric	integrity	of	the	channel	structures	before	and	after	bond	was	analyzed	to	fully	assess	the	fabrication	process.	Optical	profilometer	images	were	used	as	the	baseline	of	dimensional	stability.	The	bond	process	was	verified	to	maintain	designed	channel	dimensions	if,	after	bonding,	the	channel	structures	had	similar	or	identical	geometries	to	the	baseline.		
	
Figure	11.	Profilometer	measurements	of	channel	dimensions	bonding	and	test.	These	are	
representative	images	of	an	8007	device	(left)	and	a	6013	device	(right),	both	embossed	with	
a	C	mold	(denoting	an	expected	channel	depth	of	200μm)	and	without	electrodes.	The	device	
embossed	in	6013	has	a	final	channel	depth	of	approximately	5%	more	than	the	mold	
designed,	while	the	8007	device	is	less	than	half	(39%)	of	the	designed	depth.			Figure	11	shows	an	image	of	a	device	fabricated	in	8007	COC,	with	the	corresponding	profilometer	plot,	and	an	image	of	a	6013	COC	device	and	its	plot.	Both	devices	were	embossed	from	a	mold	with	200µm	deep,	1mm	wide	features.	This	particular	8007	device	had	ultimate	channel	depths	of	78.7µm,	which	is	39%	of	the	design	depth,	while	the	6013	
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device	had	a	depth	of	210.9µm,	which	is	5.4%	deeper	than	designed.	The	increased	depth	measurement	of	the	6013	COC	emboss	is	within	the	human	operator	measurement	error	of	the	imperfectly	smooth	surface	when	using	the	profilometer	analysis	software.	Due	to	the	relative	roughness	of	the	embossed	thermoplastic,	measurements	taken	from	a	“high”	point	on	the	flat	to	the	bottom	of	the	channel	will	result	in	slightly	higher	than	designed	depths.	Figure	11	shows	a	single	microfluidic	channel	for	each	process	that	is	representative	of	the	trend	seen	across	all	the	devices	bonded	with	the	8007	or	6013	process.		
	
Figure	12.	Average	channel	depth	of	embossed	halves	after	3-point	bend	test.	This	data	is	split	
into	top	halves	and	bottom	halves	to	determine	if	there	was	an	appreciable	difference	
between	the	two,	either	due	to	the	additional	machined	holes	in	the	top	channel,	or	the	bond	
stack	configuration.	The	top	halves	were	slightly	deeper	in	both	the	8007	and	6013	materials,	
but	overall	all	of	the	8007	channels	had	about	half	the	depth	of	the	design	specification.	Figure	12	shows	the	aggregation	of	all	channel	depths	taken	from	each	half	of	the	ten	total	devices	that	were	also	subjected	to	the	3-point	break	test.	Measurements	were	taken	from	the	first,	fourth,	and	eighth	channel	along	the	length	of	the	device,	and	along	both	of	the	arms	and	the	central	channel.	The	data	is	broken	up	into	device	halves,	top	and	bottom,	
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to	identify	if	there	were	non-symmetrical	trends	caused	by	the	slightly	different	structures	of	the	two	halves.	For	both	grades	of	COC,	the	top	channel	halves	embossed	approximately	4%	deeper	than	the	bottom	halves,	a	percentage	well	within	the	measurement	error.	However,	the	8007	COC	devices	were,	on	average,	49.5%	of	the	designed	height	(200	µm)	after	bonding,	while	the	6013	COC	channel	dimensions	maintained	100%	of	the	designed	channel	height.	The	trend	is	likely	explained	by	the	thermal	bonding	process	that	exposes	the	embossed	8007	COC	to	a	temperature	42°C	beyond	its	Tg	to	form	a	bond	with	the	PCTE	membrane.	This	condition	deforms	the	channel	structure	by	causing	the	COC	in	that	region	to	flow,	resulting	in	channel	dimensions	that	differ	greatly	from	the	designed	specifications.	
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Figure	13	COMSOL	was	used	to	model	8007	COC	deformation	during	bonding.	A)	A	side	view	of	
a	slice	through	the	overlapped	central	channel	shows	~40μm	of	deformation	in	both	channels.	
B)	An	orthogonal	view	shows	where	slice	is	taken.	The	scale	of	deformation	is	dramatized	for	
the	purposes	of	trend	identification.	Figure	13	shows	the	results	of	a	COMSOL	simulation	of	the	expected	deformation	of	the	8007	COC	material	when	exposed	to	95°C	and	40psi	for	20	minutes.	The	device	was	
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expected	to	deform	approximately	40µm	on	the	top	and	bottom,	which	is	roughly	80%	of	the	measured	deformation.	This	underestimate	is	likely	due	to	the	difficulty	in	applying	vacuum	conditions	to	the	model	identical	to	those	experienced	in	the	laminators.		
3.3	Conclusion	
From	both	a	quantitative	and	qualitative	perspective,	the	devices	fabricated	using	embossed	6013	COC	and	thermally	bonded	using	a	8007	COC	adhesive	layer	were	superior	to	those	fabricated	from	the	8007	grade	COC.	The	6013	process	utilized	a	sacrificial	adhesive	layer	of	1mil	8007,	which	resulted	in	preservation	of	the	dimensional	integrity	of	the	embossed	channel	after	bonding.	The	embossed	8007	COC	channels	lost,	on	average,	half	of	their	designed	height.	This	has	negative	implications	for	cell	seeding	purposes	and	for	controlling	shear	rates	within	the	channel.	Doubling	the	height	of	the	features	in	the	original	aluminum	mold	may	result	in	a	correctly	sized	channel	after	bonding,	but	the	implications	of	increased	aspect	ratio	would	require	re-optimization.	While	both	formulations	experienced	failure	in	the	3-point	break	test	configuration	at	approximately	70N	of	compressive	force,	the	8007	COC	devices	delaminated	along	the	critical	interface	while	the	6013	COC	cracked	in	half.	Failure	by	delamination	implies	a	weaker	bond	than	failure	by	cracking,	and	a	higher	likelihood	of	the	device	failing	during	normal	operational	use.	Thus,	while	the	failure	limit	was	similar,	the	failure	mode	of	the	6013	was	preferable.	With	these	results	in	mind,	future	development	of	COC	bilayer	microfluidic	devices	should	be	restricted	to	fabrication	processes	wherein	the	structural	element	creating	the	microchannel	itself	should	remain	below	its	glass	transition	temperature	throughout	the	bond	process.	
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CHAPTER	4.	FUTURE	WORK	
4.1.	Applicable	organ	model	–	The	Organ	of	Corti	
The	bilayer	microfluidic	device	has	been	used	in	a	wide	variety	of	in	vitro	organ	models[52,	53].	The	cochlea	of	the	mammalian	inner	ear	is	a	particularly	apt	organ	for	two	reasons:	1)	the	complex	dual	chamber	tissue	structure	can	be	mimicked	with	the	bilayer	microfluidic	architecture,	and	2)	the	mammalian	cochlea	environment	is	challenging	to	model	in	traditional	cell	culture	systems.	The	cochlea	is	made	up	of	two	membranes,	each	with	different	mechanical	properties,	three	cell	types,	including	hair	cells	that	do	not	regenerate,	and	it	is	responsible	for	the	complicated	process	of	mechanoelectric	transduction	by	which	sound	is	conducted	from	the	external	environment	and	the	outer	ear,	to	the	sensory	cells	of	the	inner	ear.	The	bilayer	device	described	in	this	work	is	an	ideal	architecture	for	modeling	the	inner	ear	because	it	can	potentially	mimic	the	signals	of	sound	conduction	with	mechanical	cues	such	as	flow	induced	shear	and	electrical	impulses	using	integrated	electrodes.	Patterning	and	stiffness	of	the	membrane	can	be	engineered	to	simulate	the	properties	of	the	in	vivo	counterpart.		
An	in	vitro	model	of	the	mammalian	cochlea	requires	optimization	of	the	membrane,	microfluidic	dimensions,	and	sensors	to	create	a	physiologically-accurate	environment	that	supports	the	delicate	hair	cells	that	currently	cannot	be	studied	outside	the	body.	This	is	of	interest	to	the	academic	community	at	large[54],	with	primary	focus	on	recording	and	stimulating	healthy	and	active	hair	cells	for	understanding	function,	ototoxic	response,	and	regeneration.		
As	the	field	of	cochlear	regeneration	evolves,	methods	for	sensing	and	assaying	cellular	
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health	throughout	the	process	of	differentiation	are	needed	to	directly	quantify	cell	and	tissue	phenotype	and	function.	One	unique	marker	of	a	mature	auditory	hair	cell	is	its	resting	receptor	potential	and	its	dynamic	change	in	response	to	a	mechanical	stimulus.	This	is	typically	measured	on	an	individual	cell	level	via	patch-clamping,	a	tedious	process	that	is	challenging	to	integrate	with	hair	cells	in	vitro	and	only	provides	data	on	individual	cells[55].	A	method	for	culturing	and	differentiating	cochlear	progenitor	cells	(LCPs)	possessing	the	marker	LGR5,	which	is	indicative	of	a	stem	cell	like	state	in	which	progenitor	cells	can	self-renew[56],	using	an	enclosed	microfluidic	environment	with	integrated	electrodes	may	provide	a	platform	to	record	potential	differences	in	a	population	of	electrically	active	cells.		A	nanoembossed	membrane	will	provide	important	cues	to	guide	cellular	function	and	differentiation	pathways,	and	printed	planar	electrodes	will	allow	real	time	monitoring	of	cell	behavior	in	situ	without	disrupting	the	LCPs	during	differentiation.	The	electrode	design	would	comprise	of	a	current	source	electrode	spanning	the	length	of	the	microfluidic	channel,	with	several	voltage-sensing	electrodes	spaced	at	intervals	along	the	opposite	edge	of	the	channel.	This	configuration	would	allow	the	sensing	electrodes	to	pick	up	changing	potentials	in	the	media	surrounding	the	LCPs	or	other	tissue	type	as	the	layer	is	stimulated	with	flow.	
4.1.1	The	structure	of	the	inner	ear	
In	the	process	of	sound	conduction,	sound	stimulates	the	eardrum	in	the	form	of	vibration,	which	then	propagates	a	pressure	wave	to	the	middle	ear	bones	(malleus,	incus,	and	stapes),	which	is	then	translated	to	mechanical	deformation	of	the	basilar	membrane	of	the	cochlea.	Once	the	external	force	of	sound	is	relayed	to	the	inner	ear,	hair	cells	are	responsible	for	translating	mechanical	energy	to	a	chemical	signal	to	be	interpreted	by	
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auditory	nerves.		
The	mammalian	inner	ear	consists	of	the	cochlea,	a	snail	shell	shaped	organ	responsible	for	auditory	processing,	and	the	vestibular	system,	responsible	for	balance.	The	cochlea	coils	around	its	axis,	called	the	modiolus,	with	the	basilar	membrane	acting	as	its	main	structural	element.	Figure	14	shows	the	cochlea	both	coiled	and	in	a	hypothetical	uncoiled	configuration.	The	basilar	membrane	extends	through	the	center	of	the	cochlea,	separating	the	scala	media	(containing	the	endolymph)	and	the	scala	tympani	(containing	the	perilymph),	creating	a	dual	chambered	architecture	analogous	to	a	bilayer	structure.	The	cochlea	has	a	higher	elastic	modulus	(76.8±72.0	kPa)	at	its	base	and	a	lower	modulus	(9.4±6.2	kPa)	at	its	apex,	as	determined	by	the	stiffness	of	the	basilar	membrane[57].	This	allows	different	frequencies	of	sound	to	be	transmitted	along	its	length,	with	the	narrow	base	being	tuned	for	higher	frequencies	(around	1600Hz),	and	the	wider	apex	being	suited	for	lower	frequencies	(down	to	25Hz[58]).	
	
Figure	14.	The	sound	conduction	pathway	takes	place	in	the	inner	ear.	The	mammalian	
cochlea	(inset)	forms	a	bilayer	structure	when	viewed	in	cross	section	along	the	axis	of	the	
temporal	bone[59].	The	basilar	membrane	separates	the	perilymph	and	endolymph	fluids	
and	supports	organized	rows	of	sensory	epithelia.		
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The	organ	of	Corti	resides	on	the	basilar	membrane	and	is	the	sensory	organ	responsible	for	the	final	steps	of	sound	conduction	to	the	auditory	nerve.	The	organ	of	Corti	contains	four	rows	of	hair	cells:	three	rows	of	outer	hair	cells,	and	one	row	of	inner	hair	cells,	as	well	as	rows	of	supporting,	or	Dieters,	cells.			
	
Figure	15.	A	cross	section	of	a	mammalian	cochlea	shows	the	organ	of	Corti	and	its	constituent	
elements.	There	are	three	rows	of	outer	hair	cells	and	one	row	of	inner	hair	cells.	The	tip	of	
hair	bundles	of	each	hair	cell	attach	to	the	tectorial	membrane,	while	the	base	of	the	hair	cell	
is	nestled	next	to	supporting	cells.	The	architecture	could	be	recapitulated	in	a	bilayer	device	
wherein	LCPs	are	cultured	on	a	suspended	membrane	that	has	material	properties	similar	to	
the	basilar	membrane,	and	separates	dual	chambers	of	endolymph	and	cortilymph.	After	a	sound	wave	is	transmitted	through	the	outer	and	middle	ear,	the	resulting	pressure	wave	displaces	the	basilar	membrane.	The	hair	cells	riding	on	this	membrane	are	consequently	affected	by	this	displacement	and	convert	the	stimulus	to	an	electrical	wave	through	the	process	of	mechanoelectric	transduction.	Inner	hair	cells	transmit	acoustics	with	electrical	signals,	and	outer	hair	cells	act	as	cochlear	amplifiers,	tuning	input	in	a	feedback	loop.	Endolymph	surrounds	the	tops	of	the	hair	cells	and	has	a	positive	ion	concentration	(high	K+	concentration,	but	a	low	Ca2+	concentration),	which	creates	a	resting	potential	in	the	inner	ear.		
		
51	
4.1.2	Mechanoelectric	transduction	in	the	organ	of	Corti	
The	flow	of	ions	between	the	hair	cell,	the	hair	bundle,	and	the	surrounding	fluid	is	controlled	by	voltage-gated	ion	channels	that	open	and	close	due	to	the	mechanoelectric	transduction	of	the	sound	conduction	pathway.		
	
Figure	16.	A	mammalian	inner	hair	cell	interacts	with	its	environment	through	ion	channels.	
This	environment	can	be	visualized	as	having	three	compartments,	each	of	which	have	a	
resting	ionic	concentration.	The	interior	of	the	cell	contains	cytoplasm;	the	fluid	surrounding	
the	basilar	portion	of	the	hair	cell	is	cortilymph;	and	the	area	surrounding	the	steriocilia	
contains	endolymph.	As	channels	open	between	each	of	these	three	zones,	ions	flow	from	high	
concentration	to	low,	resulting	in	a	measurable	potential	change[60].	The	cytoplasm	inside	the	hair	cell	has	an	ionic	concentration	of	130	mmol/l	of	potassium	ions	(K+),	which	translates	to	a	resting	potential	of	-70mV	in	outer	hair	cells	and	-40mV	in	inner	hair	cells.	The	endolymph,	surrounding	the	basilar	portion	of	the	hair	cell,	
		
52	
contains	approximately	155	mmol/l	of	K+,	which	corresponds	to	an	electrical	potential	of	85	mV,	while	the	cortilymph	around	the	stereocilia	contains	only	3mmol/l	of	K+[61].	These	changes	in	potential	are	important	because	they	represent	the	electrical	signal	the	sensor	will	detect.	
Deflection	towards	the	taller	stereocilia	results	in	depolarization	due	to	an	influx	of	positive	ions,	causing	a	decrease	in	the	receptor	potential	and	an	increased	probability	of	a	transduction	channel	opening.	The	reverse	occurs	if	there	is	movement	of	the	hair	bundle	away	from	the	taller	stereocilia.	The	hair	cell	becomes	hyperpolarized,	leading	to	an	increase	in	the	receptor	potential	and	a	decrease	in	the	likelihood	of	an	open	transduction	channel.		This	is	an	incredibly	sensitive	process,	meaning	even	very	small	changes	in	receptor	potential	(~.1mV)	can	release	enough	neurotransmitter	to	cause	a	spike	the	auditory	nerve.	Yet	even	with	this	amazing	sensitivity,	the	“noise”	of	constantly	fluctuating	stereocilia	does	not	negatively	impact	actual	sound	processing.	The	geometry	of	the	bundles	themselves	reduces	displacement	from	the	tip	to	the	base	of	the	stereocilia	by	ten	times,	effectively	stiffening	the	entire	structure,	shrinking	the	probability	curve,	and	resulting	in	the	bundles	moving	only	on	the	order	of	1nm	no	matter	how	loud	the	sound.	
It	is	important	to	note	that	this	theory	of	opening	and	closing	of	ion	channels	is	not	actually	as	simple	as	this	above	circuit	would	indicate.	However,	the	presence	of	such	strong	ionic	gradients	and	ability	to	correlate	flow	of	potassium	ions	through	the	stereocilia	and	the	lateral	wall	to	measurable	voltage	changes	represents	a	promising	application	for	this	device.	Not	only	is	the	dual	chamber	structure	of	the	organ	of	Corti	nicely	modeled	by	the	bilayer	architecture,	but	the	inherent	ionic	gradient	of	a	single	healthy	hair	cell	can	be	measured	by	integrated	potential	sensing	to	provide	real	time	data	regarding	the	viability	of	
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the	tissue	within	the	device.	Electrode	sensors	could	either	be	placed	directly	below	a	single	cell,	for	an	in	situ	replication	of	patch	clamping[62],	or	electrode	buses	could	be	placed	above	and	below	a	monolayer	of	cells	to	make	a	gross	potential	measurement	from	which	hair	cell	viability	can	be	extrapolated.	Initial	modeling	of	this	proves	complicated	but	feasible.	However,	no	matter	the	specific	implementation	of	integrated	electrodes	in	this	bilayer	device,	the	first	step	is	to	acquire	a	healthy	monolayer	of	hair	cells,	a	feat	that	has	yet	to	be	achieved	on	a	flat	plane	such	as	the	membrane	of	this	device[63].		
4.1.3	Preliminary	results	To	investigate	the	feasibility	of	a	next	generation	in	vitro	model	of	the	organ	of	Corti,	Draper	collaborated	with	scientists	and	doctors	at	Massachusetts	Eye	and	Ear	Infirmary	(MEEI).	Lgr5+	LCPs	were	differentiated	into	inner	ear	hair	cells	by	targeting	known	signaling	pathways	with	small	molecules.	Upon	differentiation,	these	cells	exhibited	hair	bundles,	transduction,	and	the	synaptic	machinery	needed	for	proper	function	of	a	mammalian	hair	cell.	Before	putting	LCPs	in	the	bilayer	device,	their	response	to	patterned	PCTE	membranes	was	characterized	in	custom	Transwells	with	topographically-patterned	membranes	by	differentiating	them	for	ten	days	and	comparing	them	to	LCPs	grown	under	control	conditions	on	Matrigel	on	a	standard	well	plate.	Myo7a	and	TMC1	expression	were	measured	via	qPCR	to	characterize	hair	cell	maturation.	A	significant	increase	in	both	Myo7a	and	TMC1	was	found	after	ten	days	in	cells	cultured	on	both	the	custom	Transwells	and	in	control	conditions.	While	the	increase	was	larger	in	the	Matrigel	control,	these	results	indicated	that	the	LCP’s	could	be	successfully	differentiated	on	a	cell	culture	substrate	in	vitro.	
		
54	
	
Figure	17.	The	Optomec	was	used	to	print	traces	on	both	the	apical	and	basal	sides	of	custom	
Transwells.	LCPs	were	culture	on	the	apical	side	and	stained	for	Atoh1	expression,	indicating	
differentiation	towards	sensory	epithelium.		In	an	experiment	to	test	the	biocompatibility	of	printed	electrodes,	the	Optomec	was	used	to	deposit	electrodes	on	either	the	apical	or	basal	side	of	the	custom	Transwell	membrane	with	embossed	nanotopography.	LCPs	were	cultured	on	the	apical	side.	The	cells	were	imaged	after	24	hours,	4	days	and	10	days	after	seeding	to	look	at	colony	morphology	and	markers	of	differentiation.	Using	image	processing,	Atoh1	expression,	a	protein	found	in	inner	ear	hair	cells	and	indicative	of	LCP	differentiation	towards	the	hair	cell	pathway[64],	was	measured.	This	allowed	cell	viability	to	be	quantified	over	the	course	of	ten	days	of	culture	to	assess	the	feasibility	of	printed	electrodes	in	proximity	to	the	delicate	hair	cells.	Throughout	ten	days	of	differentiation	the	cell	colonies	appeared	viable	and	healthy.		
4.1.4	Next	steps	The	next	goal	of	this	preliminary	work	is	to	integrate	this	tissue	layer	into	the	bilayer	device.	First,	additional	culture	protocol	development	and	material	optimization	needs	to	take	place,	as	well	as	detailed	modeling	efforts	to	determine	the	correct	placement	of	electrodes	to	capture	the	ionic	gradient	that	is	indicative	of	a	healthy	hair	cell.		
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4.2	Scalability	and	Manufacturability	
The	true	next	generation	of	microfluidic	in	vitro	models	will	not	only	align	to	the	standard	pitch	and	form	factor	of	industry-wide	tissue	culture	hardware,	as	described	in	chapters	1–3,	but	will	match	the	standard	footprint	of	a	full	well	plate	while	including	all	the	additional	functionality	of	a	single	column	prototype.	The	main	obstacles	are	transitioning	the	fabrication	method	towards	a	higher	throughput	process,	developing	a	robust	process	for	depositing	electrical	traces,	and	designing	and	breaking	out	the	384	traces	needed	to	measure	TEER	on	96	independent	channels.	These	three	tasks	are	entirely	interwoven.	A	new	fabrication	process	will	allow	for	larger	volume	fabrication,	but	will	also	need	to	be	integrated	with	a	metal	deposition	process	and	a	scalable	breakout	design	for	the	hundreds	of	traces.		
4.2.1	High	throughput	fabrication	
The	bonding	procedures	and	alignment	methods	quantified	in	this	work	can	be	leveraged	for	scaling	from	a	1x8	device	chip	to	a	12x8	device	plate;	individually	hot	embossing	each	half	of	the	micro	channel	is	not	scalable.	Additionally,	embossing	channel	features	in	bulk	COC	results	in	a	working	distance	of	almost	1mm	between	the	microscope	objective	and	the	cells.	While	the	COC	was	chosen	for	its	beneficial	optical	qualities,	minimizing	the	distance	between	the	lens	and	the	cell	culture	membrane	means	higher	magnifications	can	be	used	and	more	detailed	images	can	then	be	processed.	The	ultimate	goal	would	be	injection	molding	the	fully	assembled	bilayer	to	create	a	thin	bottom	layer	for	imaging	and	a	robustly	bonded	device,	but	an	intermediate	step	could	be.	
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A	process	wherein	the	channel	structures	were	through-cut	out	of	a	material	with	a	thickness	of	the	desired	channel	depth,	and	then	bonded	to	a	thin	film	on	top	and	bottom	would	substantially	decrease	the	working	distance	for	microscopy.		
	
Figure	18.	A	fully	through-cut	bilayer	device	would	eliminate	the	slow	process	of	hot	
embossing.	A	similar	process	would	be	used	to	bond	the	layers	together,	leveraging	the	
optimization	done	with	the	embossed	pieces	described	in	the	previous	chapters.	Unfortunately,	the	optical	and	mechanical	properties	of	COC	make	it	impossible	to	cut	on	a	UV	wavelength	laser,	and	non-optimal	to	cut	without	creating	burrs	along	the	cut	surface	using	a	CO2	laser.	However,	thin	film	COC	is	amenable	to	cutting	with	a	razor	cutter[65,	66].	This	process	is	a	powerful	prototyping	method	due	to	its	ability	to	cut	many	different	geometries	dictated	from	a	CAD	file	rather	than	an	aluminum	master	mold.	
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Additionally,	it	could	be	used	to	cut	structural	6013	COC,	as	well	as	sacrificial	8007	COC	for	adhesive,	the	optimal	process	for	bonding	with	dimensional	stability	as	shown	by	this	work.	Finally,	moving	towards	a	fully	through-cut	process	would	eliminate	the	need	for	conformal	printing	methods	to	deposit	TEER	sensors	on	the	roof	and	ceiling	of	the	bilayer	device.	This	opens	up	the	possibilities	for	more	scalable	and	robust	metal	deposition	methods.	
4.2.2	Scalable	metal	deposition	
While	the	Optomec	excelled	at	printing	conformal	traces	on	low	temperature	substrates,	proving	the	acceptable	conductivities	of	aerosolized	inks,	a	more	scalable	method	to	deposit	metal	must	be	found	if	the	column	bilayer	prototype	is	to	be	scaled	into	a	full	96	device	plate.	A	main	limitation	of	the	Optomec	is	the	irregularity	of	the	print	quality.	The	longer	the	trace,	the	higher	the	risk	of	a	discontinuity.	Additionally,	the	Optomec	can	overspray	if	the	nozzle	becomes	clogged,	or	if	the	ink	deviates	from	its	optimal	viscosity.	This	can	create	intersecting	traces	that	are	designed	to	be	separated,	resulting	in	electrical	shorts.	Furthermore,	the	non-metal	components	of	the	ink	(i.e.	the	solvents)	can	be	potentially	detrimental	to	cell	growth,	even	after	the	ink	is	sintered	to	an	acceptable	level	of	conductivity.		
Traditional	MEMS	fabrication	techniques	of	sputtering	and	evaporation	metal	deposition	would	be	more	robust	methods	for	depositing	the	long	traces	required	to	measure	TEER	in	96	individual	bilayer	channels,	where	each	measurement	requires	four	separate	traces.	A	machined	shadow	mask	would	ensure	sharp	edge	definition	and	repeatable,	continuous	traces	made	of	bulk	metal.	While	relatively	expensive	to	execute,	a	
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technique	such	as	evaporation	deposition	or	sputtering	would	ensure	high	quality	traces	for	TEER	measurement.	
4.2.3	Breakout	
A	total	of	384	traces	are	required	to	measure	TEER	in	96	individual	bilayer	architectures.	It	is	a	non-trivial	design	exercise	to	route	each	trace	within	the	constraints	of	the	well	plate	footprint	of	127.8mm	x	85.5mm,	and	the	challenge	of	translating	a	signal	to	and	from	the	full	scale	device	is	quite	large.	A	method	for	attaching	a	robust	connector	to	the	traces	from	which	the	current	source	and	voltage	sense	signals	can	be	transmitted	is	a	crucial	element	of	the	scale-up	design.		
4.3	Conclusion	
The	next	generation	of	in	vitro	models	will	require	an	integration	of	pumping	and	sensing,	within	a	form	factor	that	is	compatible	with	standard	lab	equipment	and	in	a	material	set	that	is	biocompatible.	Such	a	device	requires	process	development	and	modeling	to	arrive	at	a	scalable,	reproducible,	and	effective	model.	We	have	identified	the	correct	material	set	and	process	parameters	for	fabrication	of	a	bilayer	microfluidic	device	with	printed	integrated	electrodes	for	in	situ	monitoring.	We	have	established	the	constraints	of	the	process	and	developed	metrics	to	assess	the	feasibility	and	success	of	the	method.	
An	advanced	microfluidic	device	with	integrated	sensing	and	drug	testing	compatible	materials	represents	a	major	advancement	in	the	field	of	in	vitro	modeling.	To	make	this	truly	pioneering,	a	scale-up	to	standard	laboratory	equipment	is	crucial.	The	work	presented	here	is	compatible	with	such	a	translation	from	the	perspectives	of	material	
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choice,	device	dimensions,	and	process	scalability,	and	as	such	has	the	potential	to	be	applicable	for	the	study	of	many	organ	systems,	only	one	of	which	has	been	described	here.		
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